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Abstract: Early detection and surveillance of disease progression in epithelial tissue is key to 
improving long term patient outcomes for colon and esophageal cancers, which account for 
nearly a quarter of cancer related mortalities worldwide. Spatially resolved diffuse reflectance 
spectroscopy (SRDRS) is a non-invasive optical technique to sense biological changes at the 
cellular and sub-cellular level that occur when normal tissue becomes diseased, and has the 
potential to significantly improve the current standard of care for endoscopic gastrointestinal 
(GI) screening. Herein the design, fabrication, and characterization of the first custom 
SRDRS device to enable endoscopic SRDRS GI tissue characterization using a custom silicon 
(Si) thin film multi-pixel endoscopic optical sensor (MEOS) is described. 
© 2018 Optical Society of America under the terms of the OSA Open Access Publishing Agreement 
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1. Introduction 

Endoscopic screening and surveillance of dysplasia (abnormal cells that can progress to 
cancer) and malignancy (cancer) in the colon and esophagus are currently performed using 
white light endoscopy (WLE), which allows physicians to inspect the mucosal surface of 
gastrointestinal (GI) tissues with video imaging. During WLE, physicians survey the 
epithelial surface of the esophagus or colon in search of dysplastic, malignant, or other high-
risk tissues. In conditions such as Barrett’s esophagus (intestinal metaplasia of the 
esophagus), epithelial tissue is known to be of elevated risk of dysplasia, but dysplastic 
lesions are not identifiable with WLE. As a result, physicians typically randomly sample 
tissue from the at-risk area. Other limitations of WLE include difficulty in assessing sidewall 
lesions, removal of non-neoplastic tissue, incomplete resection of abnormal tissues because 
the borders of the normal versus abnormal tissue cannot be determined, and missed detection 
of abnormal tissues (which should be biopsied) because they are difficult to detect with WLE. 
If the structural and biochemical indicators of disease that are present within these tissues 
could be readily detected during endoscopy, these indicators could improve diagnostic 
accuracy and guide biopsy locations [1]. 

Noninvasive optical technologies to enhance WLE can be broadly classified as imaging or 
spectroscopic [2–7]. Imaging technologies such as optical coherence tomography, 
narrowband imaging, and confocal endomicroscopy complement WLE with images that are 
interpreted similarly to histopathologic cross sections [5,7]. In contrast, spectroscopic 
techniques can classify tissues (e.g. neoplastic or non-neoplastic) through quantitative 
measurements of tissue chemistry and structure [5,7–10], or through spectral pattern 
recognition algorithms [4,9,11], often in real-time. 

Investigations of spectroscopy for endoscopic in-vivo colon and esophageal 
characterization include diffuse reflectance spectroscopy (DRS), low-coherence enhanced 
backscatter spectroscopy (LEBS), angle-resolved low-coherence interferometry (a-LCI), 
Raman spectroscopy, and intrinsic fluorescence spectroscopy (IFS). Of these approaches, 
DRS has the advantage of simple, scalable, compact instrumentation with demonstrated high 
accuracy characterization of both the optical absorption and the scattering properties of tissue. 
Other techniques are primarily sensitive to either scattering (a-LCI [5]), which characterizes 
tissue, or to absorption (Raman, IFS [12]), which reveals tissue biochemistry [3], or contain 
complex optical components that are difficult to miniaturize [13]. 

A wide variety of DRS probes have been investigated for tissue spectroscopy, with the 
probes for endoscopic GI characterization reported to date consisting of small optical fiber 
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bundles with a single illumination fiber and one or more collection fibers [14–17]. The typical 
single illumination/detection separation of the fibers does not provide spatial resolution. Thus, 
the spectra collected by each probe are analyzed solely as a function of wavelength. In 
contrast, an approach that increases the dimensionality of the DRS data is spatially resolved 
DRS (SRDRS). SRDRS uses multiple light collection locations with varied 
illumination/detection separations, enabling depth sensitivity since photons collected farther 
from the illumination location have, on average, traveled more deeply into the tissue. 

The utility of SRDRS for quantitative optical characterization of tissues has been widely 
recognized [18–22]. The increased dimensionality of the DRS data yields increased 
information density for the unique determination of tissue optical properties, and the 
illumination/detection separations of SRDRS probes may be optimized for specific tissue 
applications to reduce noise and target specific interrogation depths [23,24]. These 
advantages have motivated several investigations into the endoscopic implementation of 
SRDRS for characterization of GI screening for dysplasia and cancer using fiber bundle 
probes for in-vivo characterization of stomach tissues [10], colon tissues [11], and oral tissues 
[22]. However, fiber bundle probes have several disadvantages for SRDRS, including low 
collection efficiency due to low numerical aperture (NA), low fill factor, and limited 
geometrical collection configurations (typically round) [25, 26]. 

These limitations of fiber SRDRS probes can be addressed by using photodetectors (PDs) 
for collection instead of fibers since PDs have higher numerical apertures and larger fill 
factors than fibers, and custom PDs can be fabricated in any shape. Commercially available 
PDs are limited to specific sizes and geometries, and are difficult to pack closely. In contrast, 
the design and implementation of PDs that are customized for a specific tissue and application 
can take full advantage of optimized geometry and fill factors. The work reported herein 
describes the first use of an array of custom Si PDs for a SRDRS endoscopic probe. This 
custom Si multispectral endoscopic optical sensor (MEOS) SRDRS probe utilizes multiple 
PDs in an array with illumination and collection distances and geometries optimized for GI 
epithelial tissue characterization. This approach leverages the high optical collection 
efficiency of Si PDs as well as the ability to optimize Si PD geometries and fill factors for a 
specific application. These advantages can yield improved performance over fiber based 
SRDRS systems, and have the potential to achieve the specificity and selectivity required for 
clinical adoption of DRS as a noninvasive enhancement of WLE [27]. 

2. Diffuse reflectance spectroscopy 

DRS quantifies tissue structure and chemistry by measuring volume averaged optical 
properties, including the absorption coefficient ( )aμ , scattering coefficient ( )sμ , scattering 

anisotropy (g), and reduced scattering coefficient '(  (1 ))s s gμ μ= × − . DRS instrumentation 

consists of light delivery to a tissue, and detection of a fraction of the reflected light from the 
tissue after the light has propagated and scattered within the tissue. Light scattering within 
tissues arises due to the refractive index difference at the interface between structures such as 
collagen, mitochondria, and nuclei, which have a higher refractive index than their 
surrounding intracellular fluid [26]. Absorption in tissues occurs when a molecule is excited 
by an incident photon. Scattering and absorption tissue optical properties can be used to 
characterize tissue parameters such as hemoglobin concentration, oxygen saturation, blood 
volume fraction, and beta-carotene concentration [28–30], and to classify dysplasia and 
cancer [11,31,32]. 

The performance, size, and cost of DRS and SRDRS systems can be improved by 
replacing optical fibers used for reflectance collection with custom Si PDs. Fiber-based light 
collection limits the probe reflectance collection efficiency both because the cylindrical fiber 
cores are surrounded by noncollecting fiber cladding layers, which limits the photon 
collection fill factor, and because the low NA of fiber probes (typical fiber NA = 0.22 
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[25,26]) limits the acceptance angle of the reflected photons. Replacing collection fibers with 
high NA Si PDs (typical NA > 0.95 [13]) improves the reflectance collection efficiency [31], 
which in turn improves system signal to noise ratio (SNR) [13]. Reported research on 
replacing DRS collection fibers with annular Si PDs produced a DRS SNR and spectral 
response that were better than a comparable fiber based system [33]. Si PDs can be 
implemented in many formats: high responsivity, low dark current single crystal Si PDs have 
been reported in thin film form, fabricated by bonding 10 μm thick Si PDs to flexible and 
transparent substrates [34], enabling bendable, conforming tissue reflectance spectroscopy 
probes [35]. The use of silicon (Si) photodetectors (PDs) with integrated surface optical filters 
has also been explored, but these devices were implemented with single 
illumination/detection separations for each wavelength of interest [36,37]. For SRDRS, Si 
probes sensitive to photon path length were demonstrated by developing a custom Si PD 
probe consisting of 24 concentric semi-annular PDs, providing 24 distinct source to detection 
spacings with a single illumination aperture [38]. SRDRS probes can be optimized for a given 
application by modeling and engineering design if the relevant range of tissue optical 
properties is known. Prior work has demonstrated the benefits of optimizing 
illumination/collection distances as well as fiber diameters in fiber-based SRDRS probes 
[23,24]. This paper describes the first SRDRS probe that utilizes the fully customizable 
geometry of Si PDs to optimize a probe for a specific targeted SRDRS tissue application. The 
MEOS SRDRS probe described herein is also the first Si PD SRDRS probe optimized in an 
endoscopic tissue spectroscopy format, and the first implemented in thin film Si. 

The MEOS prototype is an SRDRS probe comprised of an array of three custom 
concentric semi-annular thin film Si PDs that are consistent in total size with implementation 
in an endoscopic working channel (2.4 mm in diameter). The Si PDs face the tissue to be 
measured, as shown in Fig. 1, which is a conceptual diagram of the MEOS prototype. Photons 
are incident via a fiber from the back of the PD array, and pass through a hole in the center of 
the PD array to illuminate the tissue. In the tissue, the photons experience scattering and 
absorption, and the reflected photons that interrogate the tissue are collected and detected by 
the MEOS PDs when they exit the tissue. The number and geometry of the MEOS detectors 
were chosen to provide spatial resolution while maintaining a compact overall size and high 
SNR at each PD. The prototype device reported herein interrogates a tissue surface area of 
approximately 4.5 mm2 and a depth of approximately 0.5-2 mm (depending upon the 
wavelength), as illustrated by the colored bands representing the photon paths in Fig. 1. The 
potential for low cost, scalable manufacture of these probes is excellent since standard Si PD 
manufacturing processes were used to fabricate the probes and these Si PDs can also be 
integrated onto flexible or conformal substrates [34,35]. 

 

Fig. 1. Cross-sectional conceptual diagram of the measurement of multiple partially 
overlapping tissue volumes V1, V2 and V3 by three photodiodes PD1, PD2 and PD3. 

3. Probe design, fabrication, and device characterization 

3.1. Design modeling and design criteria 

To optimize the Si PD geometries for a specific application, the prototype MEOS device 
design began with 3D Monte Carlo (MC) modeling to maximize the contrast between the 
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reflectance from human colon adenomatous tissue (a form of dysplasia) and normal colon 
epithelial tissue. Adenomatous tissue Reported optical properties ( s

′μ  and aμ ) for human 

colon tissue in the visible spectrum from 415 nm to 650 nm [39] were used as inputs to a MC 
model implemented in Zemax [40]. The MEOS probe diameter was limited to 2.4 mm for 
implementation in the instrument channel of commercial endoscopes. The MEOS probe 
design aimed to satisfy three criteria: (1) minimum photocurrent from each PD of 80 pA for 
the most attenuating phantom, (2) minimum SNR of 40 dB for each PD, and (3) high contrast 
between the two classes of tissue. 

The first criterion ensured that every PD was able to measure high absorbance tissue 
(producing low PD current) with a minimum signal current of 80 pA designed to exceed the 
estimated dark current. The dark current design estimate was based upon dark current 
densities of reported thin film Si PDs [36]. This criterion produced a tradeoff between the 
widths of the three PDs. As the size of PD1 increased, the photocurrent available to PD2 and 
PD3 decreased due to decreased area as well as increased distance of PD2 and PD3 from the 
illumination source (increasing distance from the illumination source results in fewer 
reflected photons). In the modeling, the largest PD1 that enabled PD2 and PD3 to realize the 
80 pA minimum current was a PD1 with width of 58 µm, for which PD1 generated 86 pA of 
photocurrent in the most attenuating case. The black dashed contour lines on Fig. 2, below, 
shows the modeled minimum photocurrents on PD2 and PD3 for a 58 µm wide PD1 as 
functions of PD2 and PD3 widths, showing the widths could each be varied significantly 
while still maintaining photocurrents above 80 pA. 

The minimum SNR criterion of 40 dB was chosen so that the MEOS SNR would be 
comparable to the SNR of previously reported DRS systems that have demonstrated high 
accuracy tissue optical property measurements [13,42]. This criterion was satisfied by 
computing the SNR for all 3 PDs across all simulated wavelengths for all combinations of 
PD2 widths between 50 and 150 µm and PD3 widths between 200 and 800 µm for a PD1 
width fixed at 58 µm. Figure 2 shows the SNR contours as red dashed lines. The SNR 
decreases in magnitude with increasing PD2 and PD3 width because the dark current 
increases with PD area more quickly than the photocurrent increases. The dark current 
variance was estimated based on the dark current variance for comparable reported thin film 
Si PDs [34,41]. 

Criterion (3) aimed to realize high contrast between the simulated adenomatous tissue and 
the simulated normal tissue. Contrast between tissue types is defined as in Eq. (1) below, 

 ( ) ( )
( )

 ,
Γ , 1

,
adenoma i

i
normal i

I PD
PD

I PD

λ
λ

λ
 

= −  
 

 (1) 

where ( ) ( ), and ,adenoma i normal iI PD I PDλ λ   are the MC modeled photocurrents from the 

adenomatous and normal tissues, respectively, as functions of wavelength and PD number. To 
facilitate analysis, a contrast function of merit (CFOM) is defined in Eq. (2) below, which is the 
product of the contrast at each PD averaged across all wavelengths: 

 ( )( )3
1C Π Γ ,FOM i imean PDλ λ==  (2) 

Measurements and modeling of the maximum power throughput of the light source 
available for prototype testing informed the choice of a 750 µm diameter for the illumination 
aperture to ensure sufficient optical throughput. A 40 µm offset of the inner PD (PD1) from 
the aperture was used to avoid excessive PD current due to back illumination of the inner PD 
from the fiber [43,44], and a 9 µm separation between each PD was added for electrical 
isolation. Figure 2 displays the variation in CFOM as a function of varying PD2 and PD3 
width. The magenta circle denotes the geometry that co-optimizes all three criteria; namely, 
that all three PDs have minimum photocurrents (in highly absorbing phantoms) of greater 
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than 80 pA, the SNR for each PD is greater than 40 dB for all wavelengths, and the system 
maximizes the contrast figure of merit. The resulting widths of the three detectors are 58 µm, 
100 µm, and 550 µm for PD1, PD2, and PD3, respectively, with center to center source-
detector separations of 444 µm, 53 µm, and 866 µm. Thus, the MC-based design of the 
MEOS probe was complete. 

 

Fig. 2. Dependence of the minimum SNR, contrast FOM, and the minimum signal contours as 
functions of PD2 and PD3 width for PD1 width fixed at 58 µm. The magenta circle in the 
center of the plot denotes the PD2 and PD3 widths of 100 µm, and 550 µm, respectively, 
which satisfy the design criteria. 

3.2. Device fabrication and device characterization 

Fabrication and packaging of the custom Si MEOS prototype used standard semiconductor 
manufacturing processes. Fabrication began with p-type Si-on-insulator (SOI) wafers with a 
10 µm thick device layer. Concentric n-wells were diffused into the p-type SOI device layer 
using a spin-on phosphorus dopant and high temperature annealing, forming arrays of PN 
junction diode PDs. The n-type contact was electron beam vacuum deposited Ti (50 nm)/Ni 
(50 nm)/Au (250 nm). The Si PD mesas were then defined using a plasma etch (22% C4F8, 
73% SF6, and 5% O2), and the structure was bonded to a temporary carrier substrate. The Si 
handle wafer was removed using a plasma etch (90% SF6 and 10% O2), followed by selective 
removal of the SOI oxide layer with a buffered oxide wet etch, resulting in 10 µm thick Si 
PDs. After an Al (50 nm)/ Ti (50 nm)/Ni (50 nm)/Au (250 nm) p-type contact metallization, 
the PDs were bonded to a glass substrate with metallized Cr (50 nm)/Ti (200 nm)/Au (250 
nm) bonding and electrical contacts. Gold to gold thermocompression bonding was used to 
mechanically adhere and electrically connect the thin film PDs to the metallized host glass 
substrate. Finally, an antireflective (AR) coating of 60 nm of silicon nitride was deposited 
onto the PDs, and the devices were packaged onto a printed circuit board. The AR coating 
also functioned as a passivation layer for the Si surfaces, reducing the recombination velocity 
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of electrons at the PD surface and thereby reducing the dark current [33]. A photomicrograph 
of the fabricated three PD MEOS probe is shown in Fig. 3(a). 

The performance of the MEOS prototype was characterized by measuring the responsivity 
and dark current of each of the PDs. Currents were measured with a Keithley 4200 source 
measurement unit, with surface normal illumination provided by a 1 mm diameter optical 
fiber with a 0.39 NA coupled to a Xenon lamp through a Newport CS130 monochromator and 
focused onto the PD surfaces through an objective lens. Wavelengths ranging from 450 nm to 
650 nm in increments of 10 nm were incident upon the PDs. The responsivity and dark 
current for each PD was measured at zero voltage bias, the MEOS operating point during 
SRDRS measurements. The dark current densities ranged from 13 pA/mm2 to 48 pA/mm2, 
with the magnitudes of the dark currents ranging from 14 pA for PD1 to 69 pA for PD3. The 
responsivities for the fabricated PDs ranged from 0.13 A/W at 450 nm to 0.41 A/W at 650 
nm, as shown in Fig. 3(b), which is comparable to reported thin film Si PDs [34]. 

Liquid phantoms were used to characterize the MEOS SRDRS performance, and the 
illumination for these experiments was delivered by the same 1 mm diameter fiber used for 
the responsivity characterization. The fiber output was coupled to the back of the transparent 
MEOS substrate and aligned through the glass substrate to the 750 µm diameter aperture in 
the back of the PD array to illuminate the tissue through the aperture (hole) in the PD array. 
Light incident on the backside of the thin film device outside of the aperture region was 
blocked by a 500 nm layer Cr/Ti/Au coating on the glass substrate. Once aligned, the fiber 
and the MEOS prototype were both secured to an optical mount, preventing variation in 
optical coupling during testing. The typical optical power incident on the phantom or tissue 
through the PD aperture ranged from of 16 μW  at 450 nm to μW8  at 650 nm, which was 

dictated by the Xenon lamp power output spectrum and the experimental apparatus. 

 

Fig. 3. (a) Photomicrograph of the front (tissue facing) side of a fabricated MEOS three PD 
probe. The scale bar shown is 750 µm, which is also the diameter of the illumination aperture. 
(b) Surface normal responsivity for a fabricated MEOS probe, with error bars as indicated. 

4. Experimental phantom testing and probe model validation 

4.1. Tissue phantom preparation and experimental measurement 

To assess the performance of the fabricated MEOS prototype, reflectance measurements were 
performed on liquid phantoms with well-defined optical properties. Phantoms were prepared 
with 1 µm diameter polystyrene spheres (Polysciences, Inc.) as the scattering agent, powdered 
hemoglobin (Sigma-Aldrich Co. LLC.) as the absorbing agent, and de-ionized (DI) water as 
the solvent. A total of six turbid hemoglobin-containing phantoms were prepared, with sphere 
and hemoglobin concentrations chosen such that the scattering and absorption coefficients of 
the liquid phantoms were consistent with the reported values of absorption and scattering for 
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normal and adenomatous colon polyps used in the MC forward model which informed the 
probe design. The anisotropy factor of the polystyrene spheres was 0.92 across the 
wavelengths measured, and does not depend on sphere concentration, and appropriate for the 
reported value of 0.9 for colon tissue [45]. Optical absorption coefficients for the prepared 
phantoms were calculated by measuring the extinction coefficient for the hemoglobin powder 
dissolved in DI water, while the scattering coefficients and anisotropy were calculated using 
Mie theory [46]. The scattering coefficients ( sμ ) ranged from 40.1 cm−1 to 101.6 cm−1, and 

the absorption coefficients ( aμ ) ranged from 0.25 cm−1 to 16.25 cm−1. Figure 4 displays the 

experimental phantom optical properties. Phantom 1 has absorption coefficients shown in red, 
and Phantoms 2-6 have absorption coefficients shown in blue, representing normal tissue. 

 

Fig. 4. Scattering and absorption coefficients for each of the prepared liquid phantoms. The 
inset legend applies to both graphs. On the left-hand graph, Phantom 1 has absorption 
coefficients shown in red, and Phantoms 2-6 have absorption coefficients shown in blue. 

Phantoms were measured with the MEOS probe surface placed into the liquid phantom 
solution such that the entire front face of each PD in the array was immersed. Before and 
between each phantom measurement, the MEOS surface was cleaned by a de-ionized water 
rise and dry nitrogen and a reference measurement was performed with a 99% diffuse 
reflectance standard (Labsphere, Inc. SRS-99-010). The reference standard measurements 
were used to remove the Xenon lamp spectrum from the DRS data, and to validate system 
stability throughout the experiments. Before and after phantom measurements, the 
background currents were measured as a function of wavelength with the detector array 
directed toward a zero-reflectance background. Background currents were primarily due to 
small amounts of PD back illumination, and averaged less than 2% of the phantom 
photocurrent. The diffuse reflectance per unit area of the PD ( PDA ) is ( )R λ : 

 
( ) ( )
( ) ( )

( ) /phantom background
PD

standard background

I I
R A

I I

λ λ
λ

λ λ
 −

=   − 
 (3) 

where ( )phantomI λ , ( ) standardI λ , and ( )backgroundI λ  are the wavelength dependent currents 

produced by the PD due to phantom and diffuse standard reflectance, and the background 
current, respectively. 

A forward MC model of the probe was developed to compare to the experimental 
measurements. Since the reflectance described by Eq. (3) is a relative reflectance value, while 
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MC simulations produce absolute reflectance values, to compare the phantom reflectance 
measured experimentally to MC simulations, an additional scattering-only solution of 
polystyrene beads was measured. By MC simulating the reflectance of the scattering-only 
solution and dividing the simulated tissue phantom reflectance by the simulated reference 
phantom reflectance, equivalent relative reflectance values were obtained for comparative 
purposes [47]. To obtain ( ),scaledR λ  each measured phantom reflectance was divided by the 

measured reflectance from the scattering-only solution, ( )referenceR λ . 

The comparison of the MC simulated and measured per-unit-area reflectance, ( )scaledR λ , 

for each of the PDs in the MEOS probe, for all six phantoms, are shown in Fig. 5. The 
measured and simulated data are in good agreement, with an average root-mean-square 
(RMS) error across all three PDs of 8.4% with a maximum RMS error of 9.2% on PD3. As 
expected, ( )scaledR λ  decreases exponentially with increasing detector radius for both the 

simulated and measured reflectance. 

 

Fig. 5. Experimental and MC simulated scaled reflectance spectra from six liquid phantoms for 
each of the three MEOS PDs. From left to right, data and simulations for PD1 through PD3 are 
shown. Error bars are included in the plots, but are indistinguishable from the data points. 

4.2. Signal to noise characterization 

The signal to noise ratio is an important figure of merit for DRS and SRDRS systems for high 
accuracy tissue classification. The SNR was calculated for each of the six phantoms 
measured, with the SNR in dB defined as, 

 ( ) ( )( )10 20   /phantom background phantom backgroundSNR log I I σ σ= − +  (4) 

where phantomI  and backgroundI  are the phantom and background photocurrents averaged over 30 

measurements at a 20 ms integration time per measurement, and phantomσ  and backgroundσ  are 

the corresponding standard deviations of the phantom and background, respectively. 
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For the measured and simulated spectra displayed in Fig. 5, which spans the reported 
range of colon epithelial tissue optical properties [39], the SNR is above 40 dB for all 
wavelengths between 450 and 650 nm. The measured SNR ranges from a low of 40.8 dB on 
PD1 when measuring highly absorbing Phantom 1, to a high of 53 dB on PD3 while 
measuring Phantom 5, with an average of 46 dB across all phantom measurements. This 
range of SNR is comparable to or greater than SNR for previously reported DRS systems that 
achieved high accuracy tissue optical property extraction [13,42]. 

5. Porcine esophageal tissue SRDRS measurements, histology, and modeling 

5.1. Porcine measurements 

To evaluate the MEOS probe performance in a context more relevant to human 
gastrointestinal tissues, measurements on samples of freshly excised porcine esophageal 
tissues were performed. Esophageal tissues were obtained from City Packing (Burlington, 
NC), through a North Carolina Department of Agriculture permit, and measurements were 
performed within 12 hours of animal sacrifice. Tissue samples were stored in saline solution 
chilled with ice until the time of measurement. Samples of tissue to be measured were cut to 
approximately 1 cm x 1 cm and placed in direct contact with the probe, as shown below in a 
photograph of the probe and tissue experimental apparatus in Fig. 6. 

 

Fig. 6. Photograph of a full-thickness porcine esophageal tissue sample in contact with the 
MEOS probe surface, which is completely covered by the tissue. An optical fiber used for light 
delivery is coupled to the backside of the MEOS glass substrate through a hole in the yellow 
printed circuit board shown in the photograph above. 

Three distinct types of porcine esophageal tissue were harvested and measured: normal, 
irregularly keratinized, and with denuded epithelial tissue. Figure 7(a) shows the measured 
SRDRS spectra for the normal porcine esophageal epithelial tissue shown in Fig. 6. The 
reflectance spectra in Fig. 7 were calculated using Eq. (3), but are not scaled by PD area to 
facilitate comparison between PDs. The error bars on the data points are the standard 
deviation between 30 measurements taken at each wavelength, and the probe was completely 
removed then reapplied to the tissue every ten measurements to include the repeatability of 
measurements of a single tissue sample. In Fig. 7(b), min-max normalization was used to 
highlight differences in the features of the normal porcine data of Fig. 7(a). The min-max 
normalization subtracts the minimum reflectance value from all of the reflectance values 
before normalization for each PD, resulting in the normalized spectra spanning the full range 
from 0 to 1. 

One feature of the min-max normalized spectra in Fig. 7(b) is the rise in the PD3 spectra 
on wavelengths longer than 560 nm compared to the same spectra from PD1 and PD2, which 
are nearly identical at these wavelengths. We hypothesize that this is due to the increased and 
deeper interrogated tissue volume of PD3, which reaches beyond the mucosa, into the 
submucosa, which has higher absorption coefficients [48]. Thus, for PD3, a larger fraction of 
the light collected has passed into the deeper, more perfused submucosal tissue, which results 
in higher hemoglobin absorption. This indicates that the MEOS probe can yield depth 
information about the tissue. 
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Secondly, the normal porcine tissue shown in Fig. 7(a) has significantly different 
reflectance compared to the denuded and irregularly keratinized tissues shown in Figs. 7(c) 
and 7(d), respectively. To enable a comparison between the reflectance measured from these 
three tissues, non-normalized reflectance data in shown in Figs. 7(a), 7(c), and 7(d). H&E 
stained cross sectional photomicrographs are shown in Fig. 8 for the three tissues measured in 
Fig. 7. The differences in the three spectra reflect the differences in the tissue histology 
shown in Fig. 8. The lower reflectance observed in the spectra obtained from the denuded and 
irregularly keratinized samples, shown in Figs. 7(c) and 7(d), compared to spectra obtained 
from normal tissue, as shown in Fig. 7(a), may correlate to the degradation of the epithelial 
layer of the esophageal tissue sample evident in the tissue histology in Figs. 8(b) and 8(c). 
Degradation of the upper epithelial layer (mucosa), progressively through Figs. 7(a), 7(c), 
7(d), likely reduces scattering and increases the submucosal sampling of the light, where the 
absorption is higher than in the mucosal region. Further exploration of the absorption and 
scattering coefficients for these types of tissues would enable classification algorithms to be 
utilized for diagnostic purposes. 

 

Fig. 7. Representative spectra for ex-vivo porcine esophagus. (a) normal, (b) min-max 
normalized normal, (c) denuded porcine, and (d) irregularly keratinized samples for which 
histology cross sections are shown in Fig. 8. 
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Fig. 8. Photomicrographs (4x mag) of H&E stained porcine (a) normal, (b) irregularly 
keratinized, and (c) denuded esophagus samples. The scale bar in the upper left of (a) is 300 
μm long. 

6. Summary and conclusions 

The design, fabrication, and characterization of the first Si thin film multi-spectral SRDRS 
device targeting endoscopic applications is described herein. The MEOS probe was designed 
using a MC model informed by published colon absorption and scattering coefficients to 
achieve high contrast between normal and adenomatous colon tissue. The probe was 
optimized for an endoscopic format and high SNR across the relevant optical properties and 
wavelength range. Liquid phantoms representative of normal and adenomatous tissues were 
measured with the probe, and the MC model used in the design was validated by comparing 
the modeled MEOS reflectance output to the experimentally measured phantom reflectance. 
The prototype MEOS probe met all of the design criteria, including measured SNR above the 
target of 40 dB across all PDs for all phantom measurements. Exploratory measurements of 
porcine esophageal tissues were also performed, demonstrating that the MEOS device can 
achieve repeatable results in a realistic tissue environment, and indicated a change in the 
reflectance spectra with tissue histologic differences and the sensitivity to changes in tissue as 
a function of depth into the tissue. 
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